Abstract-Fluid shear stress is intimately linked with the biological activities of vascular cells. A flexible microelectromechanical system (MEMS) sensor was developed to assess spatial-and temporal-varying components of intravascular shear stress (ISS) in the abdominal aorta of adult New Zealand white (NZW) rabbits. Real-time ISS (ISS real-time ) was analyzed in comparison with computational fluid dynamics (CFD) simulations for wall shear stress (WSS). Three-dimensional abdominal arterial geometry and mesh were created using the GAMBIT software. Simulation of arterial flow profiles was established by FLUENT. The Navier-Stokes equations were solved for non-Newtonian blood flow. The coaxialwire-based MEMS sensor was deployed into the abdominal arteries of rabbits via a femoral artery cutdown. Based on the CFD analysis, the entrance length of the sensor on the coaxial wire (0.4 mm in diameter) was less than 10 mm. Three-dimensional fluoroscope and contrast dye allowed for visualization of the positions of the sensor and ratios of vessel to coaxial wire diameters. Doppler ultrasound provided the velocity profiles for the CFD boundary conditions. If the coaxial wire were positioned at the center of vessel, the CFD analysis revealed a mean ISS value of 31.1 with a systolic peak at 102.8 dyn · cm −2 . The mean WSS was computed to be 10.1 dyn · cm −2 with a systolic peak at 33.2 dyn · cm −2 , and the introduction of coaxial wire increased the mean WSS by 5.4 dyn · cm −2 and systolic peak by 18.0 dyn · cm −2 . Experimentally, the mean ISS was 11.9 dyn · cm −2 with a systolic peak at 47.0 dyn · cm −2 . The waveform of experimental ISS was similar to that of CFD solution with a 30.2% difference in mean and 8.9% in peak systolic shear stress. Despite the difference between CD and experimental results, the flexible coaxial-wire-based MEMS sensors provided a possibility to assess real-time ISS in the abdominal aorta of NZW rabbits.
I. INTRODUCTION
F LUID shear stress modulates the genotypic and phenotypic expression of vascular cells. Developmentally, fluid shear stress is an epigenetic factor for zebra fish embryonic cardiac tube formation [1] . Absence of fluid flow resulted in abnormal cardiac chambers and valve formation [2] . Disturbed flow is also a stimulus for morphologic embryonic heart. The direction of fluid shear stress in the node of mouse embryos determines the left-right asymmetry in the body plan [3] . A line of evidence supports that fluid shear stress influences the differentiation of embryonic stem cells [4] , mesenchymal progenitor cells [5] , and human bone-marrow-derived progenitors to endothelial cells [1] . Thus, the role of fluid shear stress spans from developmental biology to cardiovascular health.
Equally important are the spatial and temporal variations of shear stress on vascular cells [6] . Physical exercise augments fluid shear stress and confers a salutary endothelial cell function [7] . Disturbed flow, including oscillatory shear stress (bidirectional net zero forward flow), is considered to be atherogenic, developing on the lateral wall of arterial bifurcation, whereas pulsatile flow is atheroprotective, developing on the medial wall of bifurcation or straight segments [8] , [9] . Identification of arterial regions of low wall shear stress (WSS) would predict progression of atherosclerosis [10] , localization of high-risk coronary atherosclerotic plaques, vessel wall remodeling [11] , and abdominal aortic aneurysm (AAA) [12] , [13] . Furthermore, identification of specific regions in the prosthetic valve leaflets [14] , the cardiopulmonary bypass machine [15] , and left ventricular assist device (LVAD) would predict thrombus formation [16] . In this context, the ability to measure real-time shear stress would advance the field of cardiovascular research.
The advent of microelectromechanical systems (MEMSs) has opened the possibility to assess spatial and temporal variations in shear stress in vitro [17] , [18] . Development of flexible sensors and actuators has further enabled us to assess the spatialand temporal-varying components of intravascular shear stress (ISS) in vivo [19] - [22] . Recently, we have microfabricated the polymer-based sensors for real-time ISS assessment in the New Zealand white (NZW) rabbits [23] , [24] .
We compared computational fluid dynamics (CFD) derived shear stress simulation with the MEMS sensor-acquired realtime ISS. In parallel, we analyzed the effects of MEMS sensor dimension, position, and orientation in relation to the abdominal aorta of NZW rabbits. We observed that the systolic and diastolic component of real-time ISS (ISS real-time ) waveforms resembled those of computed ISS and WSS. If the coaxial wire were positioned at the center of vessel, the CFD analysis revealed a mean ISS value of 31.2 with a systolic peak at 102.8 dyn · cm −2 . The mean WSS was computed to be 10.1 dyn · cm −2 with a systolic peak at 33.2 dyn · cm −2 , and the introduction of coaxial wire increased the mean WSS to 15.5 dyn · cm −2 and systolic peak to 45.5 dyn · cm −2 . Experimentally, the mean ISS real-time was measured at 11.9 dyn · cm −2 with a systolic peak at 47.0 dyn · cm −2 . The difference between the mean magnitudes of ISS real-time (11.9 dyn · cm −2 ) and WSS catheter (15.5 dyn · cm −2 ) was 3.6 dyn · cm −2 . Hence, our MEMS sensors provided the possibility to assess experimental ISS in the abdominal aorta of NZW rabbits.
II. METHODS

A. Catheter-Based Polymer Sensors
1) Microfabrication and Packaging:
The sensor was fabricated using surface micromachining with biocompatible materials including Parylene C, Ti, and Pt. The detailed fabrication process of the MEMS sensor was discussed by Yu et al. [25] . The individual sensing elements were 4 cm in length, 320 µm in width, and 21 µm in thickness [ Fig. 1(a) ]. Ti and Pt offered biocompatibility for the heating and sensing component of the sensor. The Ti/Pt sensing element (160 µm in length by 80 µm in width) was encapsulated in parylene polymer in direct contact with the blood flow.
The sensors were integrated onto an electrical coaxial wire (Precision Interconnect, Portland, OR) as a catheter's guide wire application for ISS analysis [ Fig. 1(b) ]. The coaxial wire was 0.4 mm in diameter and the sensor body is 4.0 cm in length. The sensing element was 80 µm in width and 240 µm in length. The wire bonding sites of the Cr/Au electrode leads were connected to the coaxial wire tip using the biocompatible conductive epoxy (EPO-TEK H20E; Epoxy Technology, Billerica, MA), and were cured at 90
• C over 3 h. The biocompatible epoxy (EPO-TEK 301; Epoxy Technology, Billerica, MA) anchored the sensor body on the coaxial wire surface [ Fig. 1(c)] .
2) In Vivo Assessment of Intravascular Shear Stress: We tested the feasibility of acquiring real-time shear stress measurements from the NZW rabbit's aorta, specifically, abdominal aorta and aortic arch. Deployment of the polymer device into the rabbit's aorta was performed in compliance with the Institutional Animal Care and Use Committee in the Heart Institute of the Good Samaritan Hospital (Los Angeles, CA), which is accredited by the American Association for Accreditation for Laboratory Animal Care.
Five male NZW rabbits (ten weeks, mean body weight 2442 ± 210 g) were acquired from a local breeder (Irish Farms, Norco, CA) and maintained in the Good Samaritan Hospital Vivarium in accordance with the National Institutes of Health guidelines. After a seven-day quarantine period, the rabbits were anesthetized for percutaneous access according to the institutional review committee, and anesthesia was induced through an intramuscular injection of 50 mg/kg ketamine (JHP Pharmaceuticals, LLC) combined with 10 mg/kg xylazine (IVX Animal Health, Inc.). A 23-gauge hypodermic needle and a 26-gauge guide wire were introduced into the left femoral artery via a cutdown. A rabbit femoral catheter (0.023 in ID ×0.038 in OD) was passed through the left femoral artery. The circulatory system of the individual animals was anticoagulated with heparin (100 units/kg) prior to the sensor deployment. The catheters and needles were rinsed with heparin at 1000 units/mL prior to the procedure.
An ultrasound transducer (Philips SONOS 5500 at 12 MHz) was positioned over the abdomen to interrogate arterial blood flow. Periodic blood pressure measurement was obtained with an automated tail cuff (IITC/Life Science Instruments). Using the fluoroscope in the animal angiographic laboratory (Phillips BV-22HQ C-arm), the operator was able to visualize and steer the coaxial wire in the aorta of the NZW rabbit to the abdominal aorta [ Fig. 2(a) ]. Contrast dye was injected to delineate the position of the coaxial wire in relation to the inner aortic diameter [ Fig. 2(b) ]. The voltage recordings were synchronized with the rabbit's cardiac cycle via ECG (The ECGenie, Mouse Specifics). After the measurement, the coaxial wire was removed and the femoral artery was tied off.
3) Data Acquisition: The constant current circuit was used for real-time voltage signal acquisition in the aorta. The input electrical current of 0.9833 mA was generated from a Multimeter (HP34401A, Santa Clara, CA), operating at a resistance measurement mode. When the current passed through the sensor, sensing element was heated up at an overheat ratio of ∼3%. The voltage cross of the sensing element was monitored by a LabVIEW-based data acquisition system, including a data acquisition board (NI USB-6251, Austin, TX) and a BNC adaptor board (BNC-2110, Austin, TX). The data acquisition system was connected to a laptop computer (ThinkPad T61, Lenovo, China) loaded with LabVIEW. The acquisition sampling rate was 800 Hz and the signal-to-noise ratio was 4.8. Wavelet decomposition and low-pass filters were applied to remove the noise background.
B. Computational Fluid Dynamics 1) Generation of 3-D Geometries and Meshes:
The flow field was solved under three catheter positioning schemes: 1) at the center; 2) near the wall (0.1 mm away from the wall); and 3) 0.2 mm off the center. The inner diameter D vessel of rabbit abdominal aorta was 2.4 mm as determined by injecting the contrast dye from the carotid artery. The wire bonding sites were integrated to the tip of the coaxial wire, and the sensing element was 4.0 cm downstream from the catheter tip. In the computational model, the vessel length L was set to be 6.0 cm and the catheter tip was facing the direction of flow and its tip was positioned at 1.0 cm downstream from the inlet to allow for fully developed flow [26] , [27] . Important parameters in our CFD simulations were the catheter diameters (D catheter ) of 0.25 mm (OD of mouse catheter: 0.010 in), 0.4 mm (coaxial wire), and 0.97 mm (OD of dog catheter: 0.038 in). The geometry of the computational model is illustrated in Fig. 3 , where u and v represent the axial and radial velocities and D catheter the catheter diameter. The direction of blood flow is indicated by the red arrow. The entrance length is considered as the distance from the catheter tip in which the local shear stress value on the coaxial wire is higher than the shear stress in the fully developed region. Hence, the CFD results guided the position of our sensor to circumvent flow disturbance.
The entire luminal geometrical models were generated and meshed in a specialized preprocessing program (Fluent, Inc., Gambit 2.3.16, Lebanon, NH). A mesh consisting primarily of tetrahedral finite element was generated for the individual models. The grid was created by first grading the edges of the specified "source" faces with appropriate numbers of nodes followed by generating the surface meshes using PAVE scheme. Next, the volume mesh was generated using the Cooper meshing scheme to sweep the mesh node patterns of specified "source" faces through the volume [28] . The meshed models were imported into the main CFD solver (Fluent, Inc., Fluent 6.2.16, Lebanon, NH) for flow simulation.
2) Simulation of Blood Flow and Boundary Conditions:
The blood flow was modeled by applying the 3-D Navier-Stokes equations. The governing equations, including mass and momentum equations, were solved for laminar, incompressible, and non-Newtonian flow. The arterial walls and the catheters were considered to be rigid and impermeable.
The equations describing laminar incompressible flow fields include the conservation of mass and momentum
where u is the velocity vector, p is the pressure, and ρ is the fluid density. The density of rabbit blood is ρ = 1055 kg/m 3 [29] . The shear stress tensor in (2) is defined as
where µ is the absolute viscosity andγ is the local shear rate. The local shear rateγ was computed from the second scalar invariant of the rate of deformation tensoṙ
Lorenzini [30] studied the differential viscous behavior between the Newtonian and non-Newtonian models and described the dynamic complexity of catheter-induced flow disturbance and the recirculation downstream from the catheter tip. The shear-rate-dependent absolute viscosity (µ) was calculated using the Carreau model to represent shear-thinning behavior of the rabbit blood [31] , [32] 
where µ 0 is the rate limit viscosity at zero shear rate, µ ∞ is the rate limit viscosity at infinite shear rate, λ is the relaxation time constant, and n is the power law index. To incorporate the non-Newtonian property of rabbit blood, four parameters were empirically determined as follows [29] :
Under no-slip conditions at the arterial wall, the spatial WSS, τ w , was calculated for incompressible fluids from (3) as
where µ w is the dynamic viscosity at the wall, u t is the velocity tangential to the wall, and n is the unit vector perpendicular to the wall. The pulsatile velocity waveform for the inlet boundary condition was obtained from the Doppler ultrasound measurement. The ultrasound transducer was positioned over the abdomen to interrogate blood flow in the abdominal aorta [33] . The redcoded jets on color Doppler aided the identification of abdominal arterial flow [ Fig. 4(a) ]. The recorded profile of the centerline velocity U c [ Fig. 4(a) ] was reconstructed with 12 harmonics by applying Fourier analysis to the measured data [ Fig. 4(b) ]. The period of one cardiac cycle T was 0.33 s corresponding to a heart rate at 180 beats/min. The mass flux calculated based on the velocity measurement was applied as the transient inlet boundary condition and implemented by a user-defined C++ code in FLUENT. The inlet Reynolds number Re calculated from the mean velocity was given by
where U mean is the mean flow velocity at the inlet, which is half of the centerline velocity U c under the assumption of parabolic velocity profile. The maximum and the time-averaged mean Re were calculated to be 204 and 52, respectively.
3) Finite-Volume Analysis: FLUENT uses a controlvolume-based technique to convert the governing equations to algebraic equations that are solved numerically. This control volume technique consists of integrating the governing equations about each control volume, yielding discrete equations that conserve each quantity on a control volume basis [34] . The current simulations utilized a segregated solver and a pressure gradient adaptation technique to solve the governing equations sequentially. The second-order implicit formulation of the solver was applied for the unsteady simulations. Second-order upwind discretization was applied for the momentum equations. The pressure-velocity coupling was based on the SIMPLEC technique [34] . The numerical codes were used to calibrate the microsensor and simulate physiologic blood flow profiles and shear stress patterns.
III. RESULTS
A. Computational Results
The catheter diameters and positions in the blood vessel impact on the physical parameters of blood flow. At a given inlet Reynolds number of 116 and vessel to catheter diameter ratios (D vessel /D catheter ) of 2.5, the disturbance to velocity profiles in the straight vessel was notable (Fig. 5) . At D vessel to D catheter ratio of 9.5, the flow disturbance was relatively small. When the catheter was positioned against the wall, the flow disturbance was also small.
ISS from the sensor was analyzed and compared with WSS. When the catheter was positioned in the center, a uniformly distributed shear stress pattern (ISS center ) developed along the catheter at a given entrance length (Fig. 3) . At a D vessel /D catheter ratio of 6 and Reynolds number of 116, ISS center (59.46 dyn · cm −2 ) was greater than WSS (30.89 dyn · cm −2 ) by 28.57 dyn · cm −2 . The presence of the catheter also increased the flow resistance and WSS [30] , [35] - [38] . The effects of the catheter that are positioned in the center of vessel on WSS and ISS in relation to Reynolds numbers are shown in Fig. 6(a) and (b) . The presence of catheter elevated the arterial WSS by ∼30% for a catheter with a small diameter (D vessel /D catheter = 9.5) and by ∼144% for a large diameter (D vessel /D catheter = 2.5) [ Fig. 6(a) ]. The increase in ISS values was linearly proportional to the increase in Reynolds numbers [ Fig. 6(b) ]. Hence, the • when the catheter was off the vessel center [ Fig. 3 and Fig. 7 • . This CFD prediction corroborated the importance of sensor positioning for ISS measurements. This prediction was also consistent with the previous finding that the existence of an additional boundary layer as a result of catheter decreased velocity and shear rate near the catheter, and the opposite applied when it was distant from the catheter [39] .
Furthermore, positioning of the sensor on the small catheter was critical for real-time ISS measurement (Fig. 3) . CFD simulations were performed at the peak systolic inlet Reynolds numbers in the rabbit abdominal aorta (Re max rabbit = 204), and the entrance length was less than 6 mm [40] . We positioned the sensor at 4.0 cm downstream to minimize flow disturbance around the catheter tip.
B. Experimental Results
The position of the catheter influenced in vivo ISS measurements. When the catheter was positioned off the center, as shown in Fig. 3 , the voltage signals varied significantly. Two distinct voltage waveforms were acquired in response to sensor facing the flow field versus the vessel wall (Fig. 8) . High and pulsating signals were observed in the former position [ Fig. 8(a) ] and attenuated signals were recorded in the latter position [ Fig. 8(b) ]. The voltage signals were further attenuated when the flow ceased [ Fig. 8(c) ]. These findings were consistent with the predictions by our previous CFD simulation.
To translate WSS measurement from an in vitro bifurcating model [41] to animal models, we analyzed real-time ISS measurement with those of CFD codes. The catheter-based polymer sensor allowed for real-time acquisition of ISS in response to pulsatile arterial flow in the NZW rabbits. The representative in vivo voltage signals in the abdominal aorta were converted to shear stress using the calibration curve [25] . The bisection of the aorta and division of aortic segments from the NZW rabbit were illustrated to indicate the segments where ISS was acquired [ Fig. 9(a) ]. Two distinct output voltage waveforms were acquired near the aortic arch and the straight region of the abdominal aorta was recorded [ Fig. 9(b) and (c) ]. Our analyses focused on abdominal aorta.
Unsteady CFD simulations were performed to compare realtime ISS measurements in the context of the catheter diameter and position in the abdominal aorta. By applying the wavelet decomposition, we identified that the main source of white noise was the electrical magnetic interference from the environment at frequencies above 50 Hz. The vast majority of the noise signals was removed by filtering out the high-frequency signals.
The voltage output signals before and after filtering are shown in blue and red curves, respectively [ Fig. 10(a) ]. The voltage signals were converted to real-time ISS profiles by low-pass filter [ Fig. 10(b) ]. Note that the second peaks represented the rectified waveforms. Real-time ISS was compared with the CFD simulations. Superimposed on the real-time ISS profile were the CFD solutions of ISS and WSS before and after the coaxial wire was located at the center (Fig. 11) . The waveform of the realtime ISS closely overlapped with that of the CFD simulations. The computed shear stress profiles were rectified as evidenced by the shown peaks. The rectified waveforms reflected the absolute values during the diastole when flow reversal occurred. The second peak of the pulsatile waveform represented the computed shear stress values during diastole. Due to flow reversal in diastole, the real-time ISS values were influenced by the short-time plateau and trough following the first peak. The real-time systolic ISS measurement peaked at 51.2 dyn·cm −2 , while the computed WSS and ISS in the presence of catheter peaked at 47.0 and 102.8 dyn·cm −2 , respectively. The peak systolic WSS in the absence of catheter was computed to be 33.2 dyn·cm −2 . The WSS values (mean magnitude of WSS nocatheter = 10.1 dyn·cm −2 ) were computed to be elevated in the presence of catheter. The difference between the mean magnitudes of ISS real-time (11.9 dyn·cm −2 ) and WSS catheter (15.5 dyn·cm −2 ) was 3.4 dyn·cm −2 . Hence, the polymer-based sensors provided a possibility to assess real-time ISS in the abdominal aorta of NZW rabbits.
IV. DISCUSSION
The flexile MEMS-based polymer sensors have enabled us to directly quantify real-time ISS for the first time. We deployed the MEMS sensors to monitor ISS in the abdominal aorta of adult NZW rabbits and demonstrated the possibility to translate the sensors to acquire real-time ISS measurement in the abdominal aorta. Despite numerous CFD solutions for WSS, there has been a paucity of experimental data. A 30% distortion is commonly encountered for experimental intravascular measurements [42] . Distinct from WSS measurement in an in vitro bifurcating model [21] , the coaxial-wire-based sensors provided a basis for the future intravascular analysis with temporal and spatial resolution.
Despite the difference in magnitude, real-time ISS in the abdominal aorta showed a similar waveform as that of the computed ISS. Several reasons accounted for the difference in magnitude between the experimental and computational data. The degree of eccentricity and the orientation of the sensor strongly influenced the real-time shear stress levels. Also, the Doppler ultrasound velocity profiles were acquired prior to the deployment of coaxial wire. Both the flow rate and shear stress level were reduced after the catheter-based sensor was deployed into the abdominal aorta due to the increase of flow resistance [43] - [46] . The arterial branches also induced focal effects that were not taken into account in our CFD simulation. Furthermore, the non-Newtonian properties of rabbit blood contributed to experimental error in sensor calibration [47] . For a given hematocrit ratio, the apparent viscosity is measured to be smaller in a viscometer than in a conventional capillary tube viscometer [48] . Finally, the CFD simulation considered the arterial wall noncontractile.
Despite the high spatial and temporal resolution of the MEMS sensors, we will need to optimize the packaging and deployment techniques as predicted by the theoretical and CFD analyses. Specifically, ISS assessment could be further optimized by positioning the catheter near the vessel wall using a steerable catheter with a large diameter ratio (D aorta /D coaxial wire ). In humans, the diameter ratio could approach to 100 for an aortic inner diameter of 2.5 cm with a catheter outer diameter of 0.254 mm. In this context, we anticipate to further decrease the experimental errors in shear stress assessment by testing the MEMS sensors in a large animal model such as swine.
In the CFD simulation, we simulated a flow situation analogous to the flow in an annular duct [49] , [50] . Due to the presence of the catheter, the flow inside the vessel was contracted when the blood enters the annulus. ISS in this study referred to shear stress acting on the surface of the catheter. Rather than measuring WSS, other investigators measured endothelial shear stress (ESS) by using coronary intravascular ultrasound (IVUS) and measurement of coronary blood flow for calculating ESS [51] . However, the velocity gradient near the center would be smaller in the absence than in the presence of IVUS catheter. Thus, the relation between the original WSS and the altered ISS depended on the catheter to vessel diameter ratios
The main limitation of the current coaxial-wire-based sensors is to predict the location and time in the cardiac cycle where the flow will be reversed. Ultrasound and echocardiogram have also been used routinely to visualize the contracting heart as well as the superficial arteries such as carotid and femoral arteries. High-frequency ultrasound has also been used to interrogate human abdominal aorta. The use of Doppler ultrasound would reveal flow reversal. However, the small dimension of rabbit abdominal aorta significantly attenuates the spatial resolution. In our future investigation with large animal model, the simultaneous application of abdominal Doppler ultrasound will provide the velocity profile and delineate the cross section of the aorta for the position of the sensor.
In our current study, the use of MEMS sensors alone would not identify the location and duration of the flow reversal, and hence the directional changes in the measured shear stress in complicated arterial configuration. The development of twosensor system would be able to address the flow reversal by cross correlation between the voltage outputs from the two individual sensors [52] . The cross-correlation approach would provide a basis to assess flow reversal in a well-defined 3-D bifurcation configuration [21] , and therefore to assess the flow reversal in the arterial curvature and/or bifurcations and branching points.
Angiogram along with contrast dye has been the routine procedure in the cardiac catheterization laboratory. In humans, the procedure allows for visualization of catheter deployment into the coronary arteries and detection of arterial plaques. In our NZW rabbit model, the procedure not only allowed for visualization of the sensors but also the 3-D geometry of the aorta for CFD boundary condition.The biplane X-ray angiography would be a good solution for the future study to acquire precise measurements of the vessel cross-sectional area and the sensor position in relation to the vessel diameter.
The signal-to-noise ratio was important for in vivo application. The sensing element was microfabricated by depositing Ti/Pt, providing a good biocompatibility and sensitivity [25] . The noise floor or the current voltage output measurement was ∼0.5 mV, which was filtered by utilizing the wavelet decomposition and a low-pass filter. Given that the sampling rate was 800 Hz, the signals were decomposed to signal frequencies falling in the following ranges: 0-25, 25-50, 50-100, 100-200, and 200-400 Hz. After identifying the frequencies of the white noise above 50 Hz, a low-pass filter was applied to remove the high-frequency noise. The application of wavelet decomposition and low-pass filtering demonstrated the capability to distinguish the noise background from the electrical signal measurements.
In conclusion, this pilot study enabled us to assess ISS in the animal models. The feasibility of translating the MEMS device for real-time analysis paves the way to conduct long-term follow-up of voltage output waveform changes in our animal model in response to hypercholesterolemic diet. The flexible MEMS sensors can also be calibrated for changes in focal pressure, temperature, and flow rates. Hence, the coaxial-wire-based MEMS sensors open a new door to link quantitative measurement with cardiovascular system.
